Mechanotransduction is of fundamental importance in cell physiology, facilitating sensing in touch and hearing as well as tissue development and wound healing. This study used an impedance sensor to monitor the effective resistance and permittivity of artificial tissues, alginate hydrogel with encapsulated fibroblasts, which were kept viable through the use of a bespoke microfluidic system. The observed transient impedance responses upon the application of identical compressive normal loads differed between acellular hydrogels and hydrogels in which fibroblasts were encapsulated. These differences resulted from changes in the conductivity and permeability of the hydrogel due to the presence of the encapsulated fibroblasts, and transient changes in ion concentrations due to mechanotransduction effects.
Introduction
Most, if not all, cell types are sensitive to mechanical stimuli [1, 2] . This is the result of the existence of mechanosensitive ion channels within the cell membrane [1] . The ion channels are comprised of proteins that are structured in such a way as to permit gating, in which the protein opens in a pore-like manner when activated by mechanical stimuli, such as tension or shear stress, acting on the membrane [1, 3] . In this way, the channels vary the permeability of ions through the cell membrane. The ion flux caused by the mechanical stimuli is known as mechanotransduction [1] .
Mechanotransduction is of fundamental significance in cell physiology besides the obvious application in facilitating sensing in specialized mechanoreceptors involved in touch, such as Pacinian corpuscles, Meissner's corpuscles, Merkel's discs and Ruffini endings found in glabrous skin [3] , and hearing, such as hair cells in the cochlea [5] . In particular, mechanotransduction is involved in many important cell-regulated processes in tissues such as the growth of bone and muscle [6, 7] , the development of blood vessels [8] and wound healing [9, 10] . Despite their importance, force-induced signaling pathways, and hence the science behind mechanotransduction, is still poorly understood [11, 12] .
The main methods for measuring the electrophysiological properties of cells can be broadly divided into electrode based and optical techniques [13, 14] . For intracellular measurements, which involves measuring the electric potential across a cell membrane, a sharp microelectrode can be inserted into the cell and either voltage or current clamp techniques applied [15] . However, a more common method, the patch-clamp technique [13, 16] , uses a pipette or microfabricated aperture into which a small section of the cell membrane (the 'patch') is drawn by way of an applied suction. The pipette is filled with an ionic solution and contains a single electrode to record currents through either individual ion channels or over the entire cell membrane. The whole-cell patch-clamp technique [16] requires a larger suction to be applied so that the membrane is ruptured. This ensures better access to the electrical properties inside the cell but, as the pipette is filled with an ionic solution, these properties will change as the contents of the cell become diluted. Sharp microelectrodes have also been employed for extracellular experiments [17] . These experiments, which may be performed in vivo or in vitro, involve an electrode being placed next to a cell, usually a neuron or muscle cell, and the local potential measured.
Both sharp electrode and patch-clamp techniques have the disadvantage of only being able to measure the electrical properties at a single location, whereas mechanotransduction can result in a spatial distribution of ion flux [18] . Optical methods overcome this by using fluorescing proteins or dyes which emit light in response to the local electrical or chemical activity that have been introduced into the tissue sample. The emitted light then permits observation of the spatial distribution of the ion flux [19] . This technique is, of course, limited to tissues with suitable optical properties.
The main issue with using these techniques to monitor the effects of mechanotransduction is that they in general require very thin tissue samples, cellular monolayers or even just single cells [20, 21] . However, it has recently been confirmed that the extracellular matrix (ECM) plays a key role in mechanotransduction [11, 22] . It has been known for some time that the ECM serves as a tissue scaffold and a substrate for cell anchorage and hence guides cell migration and has other roles in tissue morphogenesis [21, 23] . However, the ECM also transmits signals to the cells via electro-chemo-mechanical stresses [3] and hence influences most of the cells behavior including proliferation, differentiation and apoptosis [24] . This is because the ECM is connected to the intracellular cytoskeleton via transmembrane receptors, such as integrin, which can transmit forces [25, 26] . This means that cells can actively react to varying external loads by changing the manner to which it attaches to the extracellular matrix, its cytoskeleton and transduce mechanical stress into electrochemical signals [11, 12] . It is important to note that mechano-transduction does not just happen at adhesion sites, but can also occur due to stresses, such as shear stresses, at the cell membrane or single proteins acting as a mechanosensor [27] .
One method that has recently shown potential for monitoring cellular responses in bulk tissues is bioimpedance or electrochemical impedance spectroscopy [28] . Using this technique, Qui et al. [29] monitored the development of adhesion in a layer of cells to the substrate by conducting a frequency sweep from 20 Hz to 200 kHz every 10 minutes over a 20 hour period of cell culture and managed to relate the change in impedance to the decrease in cell-substrate distance and hence the increase in adhesion. Dodde et al. [30] used bioimpedance measurements to determine the change in electrical properties of non-viable porcine spleen tissue whilst under compression and noted the change in impedance could be due to cell damage or bulk water loss, but it was unclear as to which. In a similar experiment, Belmont et al. [31] monitored the impedance of tofu under compression as a tissue-mimic. It was assumed the impedance was frequency independent in the range of 1-300 kHz. Instead it was noted that the impedance depended on the strain. Again this was largely attributed to water loss. Nam et al. [32] monitored the change in impedance in viable zebra fish embryos, used as a test model of a cellular organism, and noted the amplitude of the impedance changed transiently under the influence of constant loads. In particular it was noted that the there was a delay in the change of amplitude of about 200 seconds after the load was applied. The exact mechanism for the change is not known, however forceinduced ionic movement through the pore canals in the chorion around the embryo was suggested [32] .
In this paper, the effects of mechanotransduction are explored using viable artificial tissue-engineered skin in the form of an alginate encapsulated fibroblast. The artificial skin, which is considered to be a model system, is kept viable via a bespoke microfluidic system with integrated coplanar impedance sensors. Accurate normal loads are applied to the exposed surface of the artificial skin via indentation at small and large strains and the impedance monitored in real-time at a fixed single frequency. The fabrication of the microfluidic system and impedance sensors is described. The electrical properties of the artificial skin are related to the measured effective resistance and capacitance using conformal mapping. Differences in the transient impedance response during indentation between acellular and cellular samples are observed, suggesting possible mechanotransduction effects.
Materials and methods

Experimental setup
The transient bioimpedance of artificial skin was measured using a bioimpedance sensor integrated into a microfluidic system. The microfluidic system developed has several components (see Fig. 1 ). The substrate forms the base of the device and contains the inlet and outlet holes and the microchannels through which S-DMEM (Dulbecco's Modified Eagle's Medium (DMEM) supplemented with 10 % (v/v) foetal bovine serum (FBS, PAA, Germany)) flows, which nourishes and so maintains the viability of the artificial skin. The microchannels also incorporate a 20x20 mm section which encloses an array of 50 µm diameter micropillars (see Fig. 2 ) which support a polycarbonate nanoporous membrane permitting the medium to diffuse through to the skin whilst also providing a platform to support the impedance sensor. The poly(dimethylsiloxane) (PDMS) layer is a compliant gasket which prevents leaks without stressing the silicon layers. The cover plate is there to house the skin and seal the fluidic system. The whole system is clamped together in an aluminium case which supports the system mechanically and facilitates connection to an external syringe pump, used to supply S-DMEM to the tissues.
The system can house and maintain the viability of a section of tissue 20×20×3 mm thick. As shown in Fig. 1 , the top side of the tissue is exposed. In this way, accurate normal loads can be applied to the tissue by way of transient indentation by a rigid sphere, whilst the impedance of the tissue is simultaneously measured. 
Fabrication of microfluidic system and bioimpedance sensor
The microfluidic system and biosensor was fabricated in several components which were then assembled. The base consists of a 25×60 mm chip fabricated from a single crystal silicon wafer 525 µm thick (Si-Mat, Germany). Two etch processes were used. The first used photolithography consisting of SPR220-7 (Chestech, UK) spun onto the wafer to a thickness of 9 µm and developed in MF-26A (Chestech, UK) to define the through holes that formed the inlet and outlet. The wafer was then etched through using deep reactive ion etching (DRIE). After cleaning, the process was then repeated, with the etch depth limited to 300 µm, to define the microfluidic channels and the micropillars (see Fig. 2 ). For the bioimpedance sensor, a shadow mask was fabricated using the same process described above to define the sensor geometry. The polycarbonate nanoporous membrane (Sterlitech, USA), which was 30 µm thick and had 200 nm diameter pores, was secured to the back of the shadow mask and a 20 nm thickness layer of chromium and a subsequent 200 nm thickness layer of gold were thermally deposited onto the mask, resulting in selectively patterned electrodes on the membrane surface. The membrane was then removed from the mask and cut to size before being attached to the substrate using double sided 10 µm thickness adhesive tape (Adhesives Research, USA). The geometry of the electrodes is shown in Fig. 3 : The PDMS layer was formed by first creating a negative master mould from SU-8 2150 (Microchem, USA). The 500 µm thick SU-8 mould was patterned using photolithography on a silicon wafer. The PDMS was formed from a two part mix (Sylgard 184, Dow Corning, USA) and poured into the mould and left to cure and outgas for 24 hours in ambient conditions (20 °C, < 40% RH). When cured, the PDMS layer was peeled away from the mould and trimmed to size. The silicon cover plate was then fabricated by using the same photolithography and DRIE process as before to etch through a single crystal silicon wafer (Si-Mat, Germany) 525 µm thick, thus defining a 20×20 mm well which housed the tissue and holes permitting access to the bond pads on the bioimpedance sensor. The whole system was then assembled as shown in Fig. 1 .
Monitoring of the bioimpedance sensor
The impedance of the bioimpedance sensor, and in turn the electrical properties of the surrounding material, are monitored by passing a steady AC signal with a frequency of 1 kHz and amplitude 100 mV through one electrode. The generated current is picked off from the other electrode by an inverting transimpedance amplifier, which acts as a virtual ground. The signal is then passed through a unitygain inverting amplifier to return the phase difference to the correct value. The output voltage is then given by:
was measured to be 99.8 Ω. The input and output voltage were recorded using an external sound card (UCA202, Behringer, Germany). The sound card has two analogue voltage inputs which are measured at 44.1 kHz at 24 bit resolution. It was interrogated using MatLab which was also used to convert the data to a .wav file for storage and to analyse the data using short time Fourier transform (STFT). To remove any errors in the phase difference measurements caused by the finite time it takes the sound card to move the data from the two analogue inputs into their respective data buffers, the same signal was passed from the function generator into the two inputs. The results show a 7.495° phase difference, equivalent to a 20.8 µs delay, between the two inputs and a difference in amplitude of a factor of 1.0091.
Due to their length, the leads from the sensor and to the sound card had a significant impedance and acted as an impedance transformer. This affected the measurement of the load impedance which consisted of an effective resistance and reactance at the end of a transmission line. The amount of transformation was determined by the length of the leads and its characteristic impedance. The characteristic impedance, Z 0 , was modelled as distributed elements (see Fig. 4 ) consisting of the series impedance, Z, of the line per metre:
and shunt admittance, Y, of the line per metre:
where R, L, G and C are the line's series resistance, inductance, shunt conductance and capacitance respectively. ω is the angular frequency and i = 1 − . The characteristic impedance is the input impedance of an infinite line. The characteristic impedance of the leads of a given length was calculated by measuring the open circuit impedance, Z oc , and the short circuit impedance, Z sc , at a given frequency (1 kHz) and using the relationship [33] :
The input impedance of a lossy transmission line of length, l, is calculated using the transmission line equation [33] :
γ is the complex loss coefficient which can be given by:
As stated before, the values that were actually measured by the soundcard is � �� and � ��� . � �� is the input voltage as supplied by the function generator and is defined as the real part of:
where |�| is the magnitude of the input voltage, ω is the angular frequency and t is the time. � ��� is defined in eq. 1. The current, calculated by rearranging eq. 1, has the form:
|�| is the amplitude of the current and φ is the phase difference between � �� and �. The actual impedance measured is � �� which is defined as:
where the amplitude of the measured impedance is defined as:
and the phase as:
Given the input impedance is now known and that � � and � can be found from the calibration process discussed above, the load impedance, i.e. the impedance of the sensor can be shown to be (from eq. 5):
Even though the actual equivalent circuit of the tissue is complex, what will be measured is the effective capacitance and resistance of the sensor, which were assumed to be lumped components in parallel as shown in Fig. 4 . Splitting the load impedance into the real and imaginary components thus:
allowed the load capacitance and resistance of the sensor to be calculated:
These values can then be used to calculate the effective relative permittivity and resistivity of the tissue. The conductivity sensor can be considered to be two coplanar electrodes in close proximity. If the electrodes are surrounded by a conductive medium, current can not only flow directly between the electrodes through the immediate gap, but also through the rest of the medium. As the length of the electrodes is much greater than the gap between them (see Fig. 3 ) the problem is essentially two dimensional in nature. However, the medium surrounding the sensors is not homogeneous. It is covered by a thin conductive layer of tissue exposed on top to the air and supported from underneath the sensors by a complex substrate (see Fig. 5 ). As the geometry is complicated, it is necessary to map the geometry of the different layers onto a parallel plate configuration where calculating the impedance is trivial. In this parallel plate configuration, each layer can be considered to act as a capacitor and resistor in parallel (see Fig. 6 ). For instance, the resistance, � � , of a volume of conductive medium of resistivity � between two identical parallel plates of cross-section�� and gap � is given by:
By defining:
Where the suffix ℎ� denotes the mapping of the half-space, � is the half the gap between the electrodes and � is the width of the electrodes, the effective geometry can be found using a Schwartz-Christoffel transformation. The effective resistance due to the surrounding air is [34, 35] :
where ���� is the complete elliptical integral of the first kind with argument � and � is the length of the electrodes. Similarly, if there are any conduction paths below the sensor, the effective resistance of the substrate, which includes the microfluidic system and support, can be given as:
In a similar manner the geometry of the thin film of the conductive medium can be mapped onto the parallel plate geometry [36] . In this instance:
and:
where the suffix �� denotes the thin film and ℎ is the thickness of that layer. The effective resistance of the tissue layer becomes:
The resistance of the medium in the gap directly between the electrodes is simply given by:
where � is the thickness of the electrodes. The capacitance of the electrodes can be found in a similar way. The capacitance of a parallel plate capacitor is known to be:
� � is the permittivity of free space and�� � is the relative permittivity. Using the same conformal mapping as before, the capacitance of the air and substrate will be:
Using eqs. 21 and 22, the capacitance of the thin tissue is:
The capacitance of the medium in the gap directly between the electrodes as given by: As shown in Fig. 6 , the effective load resistance measured by the sensor can be seen to be the parallel combination of all the resistors and is given as:
Similarly, the effective load capacitance is the parallel combination or all the capacitors given as:
The effective resistivity of the tissue can therefore be shown to be:
The effective relative permittivity of the tissue can be shown to be:
Extracellular matrix manufacture and cell encapsulation
For the artificial skin, two different tissues were prepared, one consisting of a 50% volume of 5% w/v sodium alginate solution and 50 % volume of S-DMEM, and the other of 50% volume of 5% w/v sodium alginate solution and 50 % volume S-DMEM and cell suspension at a cell density of 10 6 cells/mL. 5 % w/v sodium alginate solutions were prepared by mixing sodium alginate salt with distilled water at the appropriate amounts and at a temperature of 75C for 2 hours. A 2M CaCl 2 solution was also prepared by mixing CaCl 2 with distilled water. Both solutions were autoclaved for 15 min at a temperature of 120 C in order to be sterilised for the cell encapsulation procedure. 3T3 fibroblasts were cultured for a week using the standard 3T3 protocol [37] . Cells were grown in S-DMEM and fed every 2 nd day of the cell culture. The fibroblasts were trypsinised on day 7 of the cell culture in order to be encapsulated in the alginate hydrogels. For the cell encapsulation procedure, a cell density of 10 6 cells/mL was used. S-DMEM, with and without cells, was added to the alginate solution immediately prior to being added to the mould.
In a comparable manner to the procedure used in [38] , the two solutions were pipetted in poly(styrene) dishes of diameter 136 mm and 17 mm depth and between two cellulose filter papers soaked in 2M CaCl 2 solution. In the poly(styrene) dishes, steel discs of diameter 21.5 mm and thickness 3 mm were placed to achieve gel discs of homogeneous gel thickness. Above the upper filter paper another poly(styrene) dish was placed in order to achieve gel discs of uniform flatness. All samples were left to gelate for 1 hr. Afterwards square pieces of dimensions ∼ 1.0×1.5 cm of each gel were cut and placed on the device and were measured as described previously.
In order to examine the cellular viability post encapsulation, sections of 1 mm thickness were taken from the centre of alginate discs containing 3T3 cells using a sterilized blade. The sections were immersed in 0.2 μL calceinacetoxymethylester (calcein-AM) for 15 min and 2.5 μL propidiumiodide (PI) for 5 min in S-DMEM at 37 o C. The calcein-AM was cleaved to form calcein in the presence of esterases in live cells resulting in photon emission at a wavelength around 515 nm. In the case of dead-cells, the PI penetrated the cell and nuclear membrane and intercalated the DNA resulting in a photon emission at a wavelength around 650 nm. All samples were visualized using fluorescence microscopy.
Indentation
Indentation experiments took the form of stress relaxation measurements. These were performed at 18 C and 40 % relative humidity using a Z030 mechanical tester (Zwick/Roell, UK). In all the experiments, an insulating and hydrophobic 9 mm diameter poly(propylene) sphere was brought into contact with the tissue using a 5 mN compressive preload before being indented into the material at a rate of 0.01 mm/s to a specific depth and then held at that depth for up to 300 seconds, whilst monitoring the force. Two main sets of experiments were conducted defined as small strain and large strain experiments. For the small strain experiments the sample was indented to depths of 20, 40, 60, 80 and 100 µm in succession. This equates to maximum strains of c.a. 0.94, 1.33, 1.63, 1.89, and 2.11 %. For the large strain experiments the indentation depths were 250, 500, 750 and 1000 µm or to strains of 3.33, 4.71, 5.77 and 6.67 %, assuming Tabors' empirical effective indentation strain [39] . Force and indentation depth were measured at a rate of 100 samples per second.
Results
Calibration
To calculate the characteristic impedance of the circuit, the bioimpedance sensor was detached and the measurement conducted with the connectors connected together (shorted configuration) and left separated (open configuration). The measured impedances are shown in Table 1 To calculate the complex loss coefficient (see eq. 6) a 15 kΩ resistor was placed in the connectors to give the circuit a known load impedance, . The resulting input impedance, , was measured for a period of 30 s, five times and was calculated, using Fourier transforms over the entire sample, to have an average magnitude of 22851.67±0.01 Ω and phase of -2.6°±0.1°. Using the values given in Table 1 for the characteristic impedance, , the complex loss coefficient was calculated to be . The length of the line, , was measured to be 1 m.
To measure the impedance of the sensor without the tissue and only due to the influence of the substrate and surrounding air, the sensor was connected to the circuit and placed on the equipment as it would be placed during an indentation experiment. The impedance was measured as . As the air and substrate are treated as leaky capacitors in parallel, see Fig.  6 , the effective resistance and capacitance of the system without the tissue is, respectively:
4.49 0.005 nF
Live-dead staining of fibroblasts encapsulated in alginate hydrogels
All fibroblast encapsulated alginate hydrogels were stained using PI and AM as described previously. Fig. 7 shows the images of 50% alginate and 50% S-DMEM with a cell density of 10 6 cells/mL of S-DMEM after testing. As can be observed, the majority of the cells are viable, and so were 'alive' during testing. Fig. 8 shows the force measured during sequential small strain indentation of acellular hydrogel consisting of 50% volume of 5% w/v sodium alginate solution and 50 % volume of S-DMEM. In each experiment, the sphere was bought into contact with the hydrogel with a preload of 5 mN before the indentation depth was increased at a constant rate of 10 µm/s to depths of 20, 40, 60, 80 and 100 µm in succession and then held at those depths for up to five minutes. The impedance of the bioimpedance sensor was monitored continuously during each indentation experiment. The effective resistivity and permittivity of the alginate/S-DMEM hydrogel was calculated using eqs. 32 and 33. The results are shown in Figs. 9 and 10. In both figures, a slight decrease in the resistivity and permittivity in each data set is seen for a duration comparable to the ramp time of the indentation. During the 'hold phase' where the strain is kept constant, the resistivity is seen to creep and continue to rise for the duration of the experiment. This relaxation is most significant at an indentation depth of 20 µm although it can be observed for all experiments. Contrary to the trends seen in the resistivity, after the initial decrease, the relative permittivity is seen to continue to reduce during the hold phase. During the hold phase, the trends seen in both the resistivity and the permittivity of the alginate/S-DMEM hydrogel are generally smooth and a clear function of the applied strain. In Fig. 11 , the force measured during the large strain indentation tests are shown. As compared to the data shown in Fig. 8 , the response appears to be non-linear, suggesting some additional strain-dependent phenomena relating to the hydrogel polymer network that will be discussed in the subsequent section. These phenomena also affects the impedance of the alginate/S-DMEM hydrogel. In Fig. 12 , where the resistivity of the alginate/S-DMEM hydrogel during indentation is shown, the initial decrease is again observed in the same manner as in Fig. 9 whilst the strain is still small, but as the strain is increased and becomes large, the resistivity starts increasing again, before creeping during the hold phase in the indentation experiment. In Fig.  12 , the difference between the ramp phase and the hold phase in the indentation experiment is clearly discerned. In Fig. 13 , the trends are comparable to those seen in Fig.  10 , in that there is a fairly linear decrease in relative permittivity of the alginate/S-DMEM hydrogel as the strain increases, until the strain becomes large and the response becomes more non-linear. During the hold phase, the relative permittivity continues to relax, as also seen in the small strain experiments, with the difference that for large strains, the extent of the relaxation seems to increase with peak strain.
Indentation experiments on acellular alginate
Indentation experiments on artificial skin comprised of fibroblasts encapsulated in alginate
The full range of experiments conducted in the previous samples using acellular samples were repeated with samples comprised of alginate/S-DMEM hydrogel encapsulated fibroblasts. Comparing the small strain indentation data (Figs. 8 and 14) suggests that the rheology for the two tissue types is comparable with no obvious phenomenon due to cellular activity. However, in the impedance data, i.e. the measured effective resistivity and relative permittivity for the cellular sample (see Figs. 15 and 16 ), there are some clear differences between the acellular (Figs. 9 and 10) and cellular samples. Notably in the resistivity data (Fig. 15) the response for the 20 µm indentation is markedly different from its corresponding acellular experiment (Fig. 9) . One might suggest that the response to the 20 µm indentation is an artefact, perhaps due to poor contact due to surface roughness or nanofilm production due to syneresis. However, the force data in Fig. 14 does not suggest this. The experiments were repeated several times with three data sets presented in the Supporting Information (see Fig.  S1 ). As can be seen, the anomalous response to the 20 µm indentation is present in each data set involving viable cells, but not during the acellular experiments. The exact reason for this is currently under investigation, but possible causes are discussed below. Also at higher strains, there is other evidence of cellular activity not observed in the force data, in the form of well-defined half-cycle oscillations leading to a reduction in resistivity beyond that caused by any external mechanical event. Again as seen in Fig. S1 in the Supporting Information, the tissue resistivity and relative permittivity show a similar dependence on indentation depth for each run. The oscillations seen in Fig. 15 can also be observed in the other runs (see Fig. S1 ). Interestingly, the oscillations seem to occur sooner for higher strains, albeit at a comparable amplitude, i.e. at 30-45 s for 100 µm indentations, 110-150 s for 80 µm indentations, 240-280 s for 60 µm indentations. For 20 and 40 µm indentations, the response is not so simple. It should be noted that the initial magnitude of the tissue resistivity and relative permittivity differs between runs. Taking the tissue resistivity response to the 100 µm indentation as an example, the mean initial tissue resistivity is 4.265 Ωm, with a standard deviation of 0.36 Ωm. This equates to a ±8% deviation. This compares well with the experimental indentation data for similar tissues in [38] where the Young's moduli have standard deviation in the range ±4-10%, suggesting that this deviation is typical for biological tissues. Deviations in the permittivity, corresponding to the phenomena in the resistivity, were also observed (Fig. 16 ) over a generally extended time scale to that observed in Fig.  15 . The large strain force data (see Fig. 17 ) is also comparable to the equivalent acellular experiments (Fig. 11) as it was for the small strain experiments. However, except for a significant change in the relative permittivity for the case where the indentation depth is 250 µm, little deviation in the resistivity and relative permittivity (Figs. 18 and 19 respectively) is observed between the acellular and cellular samples. Possible reasons for the observed phenomena are discussed in the next section. 
Discussion
Rheology of tissue
After correcting for the finite thickness of the tissue and the finite ramp time in the same manner as described in [40] , it was observed that the transient small strain viscoelastic properties of both the acellular and cellular tissues, as measured in Figs. 8 and 14 , are well described by a relaxation function, ( ) Ψ τ , of the form [40] :
Here G ∞ is the steady state shear modulus, or the shear modulus of the tissue when the strain has been held constant for sufficient time that the stress is constant. τ is the experiment time, n T are the characteristic relaxation time constants and n G are coefficients of the Prony series and are generally without formal physical definitions in this phenomenological model. A standard non-linear least squares algorithm which utilises a trust region approach [41] was used to fit the data in Figs. 8 and 14 to the viscoelastic thin film indentation force presented in [40] . The properties for each tissue were calculated to be the same regardless of indentation depth for the small strain indentation experiments, up to a coefficient of determination of at least 0.98. The quality of the fits are shown in the Supporting Information (see Fig. S2 and Table  S1 ). The coefficients for the relaxation modulus are shown in As shown in Table 2 and demonstrated in Figs. 8 and 14 , the alginate/S-DMEM hydrogel with encapsulated fibroblasts has an instantaneous shear modulus, 0 G , i.e. the shear modulus of the tissue experienced by a suddenly applied load, 15% higher than the acellular tissue. This is likely to be due to error in the assumed tissue thickness, given the cell concentration of 10 6 cells/mL per 50% volume of hydrogel and the average spherical diameter of fibroblasts is 18 µm [42] , as this suggests a volume fraction of cells in the cellular tissue of 0.15 % which should not affect the mechanical properties of the tissue significantly, even if the cells have a large modulus [43] .
One way the fibroblast population could significantly affect the mechanical properties of the alginate/S-DMEM hydrogel is through adhesion. In the very simplest of terms, fibroblasts 'normally' interact with the extracellular matrix by way of focal adhesions and other adhesion structures [44] . Focal adhesions are integrin-based and form strong links between the extracellular polymer matrix and the cells cytoskeleton. Another adhesion structure, fibrillar adhesion [44, 45] , connects the cell to the extracellular matrix via fibrils of fibronectin. However, the extracellular matrix used here is a hydrogel formed from alginate which is a block copolymer composed of regions of (1-4)-linked β-Dmannuronic acid (M units), regions of α-L-guluronic acid (G units) and atactically arranged M and G units. In an aqueous environment, the carboxylic acid groups in the G units dissociate and become charged. This allows divalent cations like Ca 2+ to form ionic crosslinks between G units of adjacent alginate chains which results the gelation of the alginate solution [46] . Not all dissociated carboxyl groups will have an associated Ca 2+ ion and so the alginate will be, in general, hydrophilic. This inhibits protein adsorption and precludes cell adhesion [47] . So while relatively little is known about cell-matrix adhesive structures in 3D matrices [48] , it is apparent that the fibroblasts are unlikely to attach to the alginate/S-DMEM hydrogel. This is confirmed in the spherical shape of the fibroblasts within the alginate/S-DMEM hydrogel as seen in Fig. 7 and in other published alginate structures [49] . The comparable steady state shear moduli, G ∞ , for the two tissues confirms that the cells are not firmly attached to the alginate/S-DMEM hydrogel. If they were, the adhesions would add extra structural support to the polymer network and make it stiffer.
The force data from the large strain indentation experiments, as shown in Figs. 11 and 17 , does not fit well to the linear viscoelastic theory presented in [40] . This is expected, as the geometry of the indentation deviates from the quadratic approximation used and the small strain assumption is no longer suitable. Moreover, the forcedisplacement relationship shown in Figs. 11 and 17 is indicative of strain-hardening effects in the alginate [50] . This is because the ionic crosslinks in alginates, as described above, are generally most stable when between long blocks of G units which form stiff junction zones connected by network chains. This is often referred to as the "egg-box model" [51] . These junction zones are significantly large, sometimes larger than the chain segments between crosslinks [52] . They are also considerably more rigid and exhibit a restoring force that increases with strain. These junction zones are not easily deformed at small strains and so only the network chains would be stretched in this situation. Therefore, at small strains the alginate shows a linear stress-strain relationship [50] that can be predicted by a Gaussian network chain theory [53] and the linear viscoelastic theory used. However, at larger strains, the Gaussian model needs to be combined with Doi and Kuzuu's model of nonlinear elasticity of rodlike macromolecules in a condensed state [50, 54] in order to have a theory that accurately predicts the mechanical behaviour of the alginate/S-DMEM hydrogel in a viscoelastic paradigm.
The fit to the data in Table 2 assumes that the hydrogel is a linearly viscoelastic material. This is frequently assumed [55, 56] as a linear viscoelastic model permits the simplest calculation of the transient shear moduli properties of the material by applying the Boltzmann superposition principle to the known solution of the indentation of elastic materials problem [57, 58] . However, this model does not truly represent the physics of the alginate/S-DMEM hydrogel. The polymer matrix only takes up 2.5% of the mass of the alginate/S-DMEM hydrogel, the rest is comprised of water, salts which are likely to be dissociated, larger molecules such as proteins and carbohydrates from the S-DMEM and sol formed from uncrosslinked alginate, and in the cellular case, fibroblasts. A number of models have been proposed by various research teams to describe similar materials, such biological tissues and swollen polymer networks [59] [60] [61] [62] [63] [64] [65] . Some of these models have been shown to be equivalent [57, 66, 67] , however, there is a debate as to how 'correct' these models are. Naturally, some models are only accurate for specific materials, but there is evidence to suggest some objections are a significant cause for concern [62, 63, 68] . A further issue with these models is that they are generally mathematically involved and often numerical methods are needed to fit to experimental data. This is particularly true of indentation experiments where the stress, strain and ion concentration fields are inhomogeneous due to complex boundary conditions and difficult to solve for.
That said, there are enough commonalities to qualitatively describe the physical phenomenon that has been observed in the force and impedance data. As the sphere is pushed in to the alginate/S-DMEM hydrogel surface, the polymer network is deformed under the compressive stress. At short time limits, due to the low permeability of the hydrogel [69] the solvent hasn't had time to migrate away from the area of high stress resulting in high hydraulic pressure [70] and increased chemical potential of the solvent [71] . These fluid forces cause the polymer network to expand in the radial direction in a manner that the material appears to behave as a nearly incompressible material. This effect may be compounded by the fixed charges along the alginate polymer chains due to the dissociation of the carboxyl groups. The excess of ions may create an additional pressure known as Donnan osmotic pressure which increases the apparent hydraulic pressure [72] . However, the additional salt introduced via the S-DMEM may result in a hypertonic solution which could negate this effect [70] . As time progresses, the fluid flows slowly through the network and the polymer gradually recoils in the radial direction, the fluid pressure decreases and the dilation becomes more negative [70] . This continues during the 'hold' phase of the indentation when the indentation depth of the sphere is kept constant until a steady state is reached and the chemical potential of the solvent and solutes tend to zero. This can be observed in Fig. 8 , where the measured force increases quickly with indentation depth with corresponding increase in the compressive stress in the polymer network and hydraulic pressure, and then relaxes when the indentation depth is held constant and the fluid has time to flow away and the polymer network can recoil.
Conductivity of tissue
The phenomena described in the previous section also correlates with the measured resistivity. If we assume the salts included in the S-DMEM (see Table 3 ) are fully dissociated and constitute the bulk of the charge carriers, we can calculate the conductivity, σ , of the hydrogel under no flow conditions, assuming no influence of the polymer network, using the following expression [73] :
where F is the Faraday constant, w φ is the water volume fraction, R is the gas constant, T is the absolute temperature, and z , c and D are the valence, concentration and diffusivity of each ion respectively. The summation is over all ions. Using the values in Table 3 and assuming a water volume fraction of 0.97, the nominal resistivity was calculated to be 1.32 Ωm, which is comparable, but less than the resistivity measured in Fig. 9 . Naturally, the mobility of the solute is diminished by the greater viscosity of the S-DMEM compared to pure water. As well as this, many models have been put forward to explain the effect the polymer network has on the diffusivity of the solute (see [74] for a review of most models). Recently, an empirical model [75] has been proposed that relates the diffusivity of the solute to the permeability of the polymer network, κ , and to the Stokes' radius of the solute, i s r , which could explain the discrepancy:
where 0 i D is the diffusivity of the solute in aqueous solutions, i.e. those given in Table 3 , α and β are two positive parameters that depend on the structure of the polymer network. Furthermore, it has been suggested that the permeability of the polymer network is a function of the dilation, e [76] :
where 0 κ and 0 w φ are the permeability of the polymer network and water volume fraction of the hydrogel at reference, i.e. prior to indentation when 0 e = , and n is an empirical factor. This factor, when combined with the change in water volume fraction with dilation [77] : 
expresses how the conductivity calculated by eq. 37 is a function of strain and time and can exhibit the form shown in Fig. 9 . Initially, as the indentation depth is increased, the polymer network, with its fixed charge and associated counterion condensation [78] is compressed closer to the sensing area. As the solute has not had time to diffuse away, the bioimpedance sensor detects a local increase in conductivity. As the solvent flows radially under the combined influence of high hydraulic pressure and chemical potential, the dilation becomes increasingly negative [70] causing the water volume fraction and diffusivity of the solute to decrease over time resulting in a corresponding increase in resistivity, even though the indentation depth is kept constant. The same phenomena can be seen during the large strain indentation experiments (see Fig. 12 ). The difference here is that the indentation has taken sufficient time that the flow has become significant whilst the indentation depth is still increasing, hence the transition from decreasing to increasing resistivity at the ~20 second mark. It is also very likely that due to the high level of deformation in the large strain indentation experiments that the increase in resistivity is compounded by water loss through the surface of the hydrogel through syneresis. Table 3 : The properties of the free ions assumed to be in the alginate/S-DMEM hydrogel. Composition due to 50% S-DMEM as given in [78] . Diffusivities from [79] .
Permittivity of tissue
The permittivity measured in Figs. 10 and 13 is of interest as it is so high. A recent study on dehydrated Ca 2+ crosslinked alginate [81] suggests a relative permittivity of c.a. 10 at a frequency of 1 kHz for the polymer network without added salts, with pure water being known to be ~80. Other studies on swollen alginate gels [82] have noted that the permittivity is strongly dependent on alginate concentration and frequency. In particular, it was observed that the relative permittivity of alginate gels can vary by c.a. five orders of magnitude over a frequency range of 10 mHz to 10 kHz. This observation suggests a deviation away from the commonly assumed "double-layer" capacitance effect caused by the distribution of ions close to the electrode surface and frequently modelled using the Gouy-ChapmanStern model and represented by an additional resistor and capacitor in parallel between the electrodes and the bulk material [83, 84] . Instead, it was hypothesised [82] that the layer close to the electrodes may consist of adsorbed alginate molecules. This results in ion-dipole interactions and a dispersive capacitive effect occurring at the electrode interface. These dipoles are not just due to the orientation of the fixed charge about the chain axis, but also due to the segmental motion of the local free alginate chains and the polarization of the condensed counterions [85] . These phenomena are dependent on the alginate concentration, crosslinking density, and solute concentration in a complex manner and are the focus of future work.
Frequently, very high permittivities for hydrogels are only observed at frequencies lower than used in this study [82] . However, the added S-DMEM and associated salts may also contribute to the permittivity by causing a space charge polarization effect [84, 86] . The free ions in the solvent generally have different diffusivities and are driven at different velocities by the alternating electric field caused by the bioimpedance sensor. This results in a transient separation of cations and anions and hence a frequency dependent polarization due to ions in the bulk of the material. The exact interplay of these factors is currently unknown, but could add up to result in the high permittivities observed in Figs. 10 and 13. In these figures, the permittivities are observed to decrease relatively linearly with increasing indentation depth before continuing to decrease while the indentation depth is kept constant. It is likely that the same factors that caused the transient resistivity are also responsible for the observed transient permittivity. The initial compression and subsequent decrease of the dilation may have also caused a restriction of the polymer network, reducing orientation polarizations, as well as the reduction of the diffusivities of the solute and related subdued ionic polarizations at both the electrode interface and in the bulk, manifested as a reduction of permittivity as a function of time.
Effect of fibroblast encapsulation
The phenomena described above also explains the general trends seen during the cellular experiments (see Figs. 14 to 19) except for some key differences. It has already been discussed that the presence of the encapsulated fibroblasts in the alginate/S-DMEM hydrogel has not affected the rheology significantly, despite the cells having their own transient properties [87, 88] . This was attributed to the fibroblasts not attaching to the alginate matrix. This is important because fibroblasts are anchorage dependent [89] which means being attached to the extracellular matrix affects many cellular functions including migration, proliferation, differentiation, and apoptosis [90] as well as mechanotransduction.
It is well known that fibroblasts are mechanosensitive [9] and that the forces exerted on fibroblasts can affect cell mobility, gene regulation [91] and promote remodelling of the extracellular matrix [92] . In in vivo conditions, the cellmatrix adhesions discussed above are the main components for transducing mechanical forces from the outside to the inside of the cell. Two main components have been implicated in the transduction from mechanical to electrochemical signals: ion channels and integrins [93, 94] . It has been hypothesised that a fibroblast is only able to sense mechanical stress at its external surface if it maintains a certain amount of resistance by internal cytoskeletal tension [91] , in accordance with the tensegrity paradigm [95] . One reason that was suggested [96] , was that integrins, whilst acting as a physical link between the extracellular matrix and the cytoskeleton, acts as a kind of strain gauge and therefore cytoskeleton tension is needed to transmit stress to the internal cell components. As suggested, stretch sensitive cation channels might also participate in mechanical to electrochemical signal transduction. In excitable cells, the cation channels may be directly attached to the extracellular matrix and hence be explicitly involved in mechanotransduction [97] and translate mechanical forces and deformations into electrochemical signals such as changes in intracellular calcium concentration. Such phenomenon can also occur in non-excitable cells, such as fibroblasts, as well [94, 98] . There is evidence to suggest that the cation channels in fibroblasts can be activated by mechanical stress without the channels being physically connected to the extracellular matrix or other cells. For instance, Wright et al. [99] noted that applied hydrostatic pressure on human skin fibroblasts in non-confluent monolayer cultures exhibited cation channel activation and hyperpolarization of the transmembrane potential. It has also been observed that fluid shear stress can affect fibroblast behaviour, particularly in vivo in response to chemical or mechanical injury [100] . However, it was noted that 3D studies on mechanotransduction mechanisms in fibroblasts are limited by the permeability and structure of the extracellular matrix which prevent close scrutiny [100] .
Given we have assumed that fibroblasts do not attach to the alginate polymer network and so integrins are unlikely to be a source of mechanotransduction, we can hypothesise that the 'kinks' in the resistivity and permittivity data for low strain indentation of cellular hydrogel (Figs. 15 and 16 ) are due to intracellular calcium concentration due to activation of the cation channels due to the hydraulic pressure applied during indentation. The sudden locally increased concentration of calcium ions may have led to an increase in the conductivity above the base trends as seen in Fig. 15 as well as additional or enhanced charge space polarizations increasing the permittivity as seen in Fig. 16 . To the authors' knowledge, similar observations in comparable systems has not been observed before. Further tests are required before firm conclusions can be made.
It can be seen that the shape and magnitude of the response appears to a function of the indentation depth (see Figs. 15 and 16 ). While there is a strong and almost immediate change in both the resistivity and permittivity in the cellular hydrogel for an indentation depth of 20 µm, the change occurs later, after a time period of the order of minutes of constant indentation depth, for the experiments of higher indentation depth. Also, the effect appears to get weaker as the indentation depth increases. Indeed, there is very little change observed at all in the resistivity of the cellular hydrogel during the large strain indentation experiments (see Fig. 18 ) and only in the 250 µm indentation experiment is a change in the relative permittivity seen. The reasons for this are not known. It is possible that, as it is known that ionically cross-linked alginates lose mechanical properties over time in vitro, presumably due to an outward flux of cross-linking ions into the surrounding medium [101] , at large strains the degradation of the cross-links in the alginate is being accelerated and that the calcium ions released are affecting the cell behaviour [102] [103] [104] .
The oscillation observed in the resistivity as shown in Fig. 15 are reminiscent of typical action potential including a depolarization, repolarization and refractory stage [105] . The delay in the response may be due to the temporal dynamics of Ca 2+ signalling events in fibroblasts which involve a number of complex processes [106] . Alternatively, it may be due to the inherent viscoelasticity of the fibroblasts in part associated with the actindependent traction forces that develop in response to applied loads which invoke changes to the cytoskeleton over time scales of minutes [87, 107] . These factors are also the focus of future studies.
Conclusion
The use of impedance sensors to monitor the effective resistivity and permittivity of artificial tissues has been successfully demonstrated. Alginate hydrogel containing encapsulated 3T3 fibroblasts was used as an artificial skin analogue, and was kept viable through the use of a bespoke microfluidic system. As compressive normal loads were applied to the artificial skin via spherical indentation, the impedance response was monitored in real time at a fixed single frequency. Cellular and acellular hydrogels produced different transient impedance responses upon the application of identical compressive normal loads. The discrepancies in the observed resistivities and permittivities were interpreted as transient changes in ion concentrations due to mechanotransduction effects induced in the encapsulated fibroblast population.
